Abstract-Significant improvement of the signal-to-noise ratio (SNR for magnetic resonance imaging (MRI) applications, in which the thermal noise of the rf receiver probe dominates the system noise can be achieved by cooling down a normal metal probe or by using superconductors. In this work, the SNR enhancement expected from using superconductors for single coil and/or phased array designs are calculated, discussed and compared with some experimental results. We also report on the design and fabrication of a 63.8 MHz probe (1.5 Tesla) consisting of patterned, copper or YBCO films deposited on both sides on a 5 cm LaAlO 3 substrate. The unloaded of the normal metal probe at room temperature and at 77 K was about 400 and 1000, respectively, while the YBCO probe exhibited a of 40 000 at 77 K. Five-cm diameter probes cooled to 77 K were superior to their identically designed room temperature equivalents, and provided SNR gains at 1.5 Tesla of 3 and 2 times for YBCO and cooled normal metal, respectively. The application of superconducting coils in conjunction with recently developed techniques for significant reduction of MRI acquisition times by using parallel processing with phased array probes is discussed.
I. INTRODUCTION

M
RI IS A widely used diagnostic tool, that provides unsurpassed ability to image soft tissue. In MRI, the subject is placed in a dc magnetic field, a sequence of field gradient and rf excitation pulses is applied, and the relaxing nuclei (usually protons) produce weak decaying rf signals that are detected by an rf receiver probe [1] . Such signals are weak due to the small difference in energy levels population of parallel and anti-parallel spins ( ppm at 1.5 T) that contribute to the signal. In both research and clinical MRI, there is a need for high resolution and/or fast scan imaging, and the signal-to-noise ratio (SNR) is the main limitation on fulfilling these requirements. This makes the overall SNR the most important parameter of MRI systems.
Noise in the system, in general, is created by conductive losses in the probe and in the body. There are two regimes of such conductive losses in MRI system [2] . In the first situation, the loss is body dominated, so the SNR is body loss dependent and in the second instance, loss occurs when the SNR is primarily coil loss dependent. In the body-dominated regime, there is little advantage in the reduction of ohmic coil losses. However, when the coil loss is the governing source of noise, it has long been recognized that cooling the probe reduces this noise contribution and therefore can significantly increase the SNR of the measurement [3] .
The discovery and development of high-temperature superconducting (HTS) materials has resulted in several attempts to build practical probes with improved SNR. Indeed, preliminary studies have shown that for selected applications where the MRI system noise is in the coil loss regime (low-field MRI, highfield microscopy, and small-volume MRI) HTS MRI receiver coils perform significantly better than comparable copper coils [4] - [7] .
HTS thin films are very attractive for use as surface receiver coils because such films at 77 K exhibit an extremely low surface resistance (150 at 10 GHz), This resistance is several orders of magnitude lower than the surface resistance of copper at the same frequency and temperature [8] . In addition, relatively high critical temperature of HTS materials allows cryostat design simplification, which enables us to keep a short distance between the superconducting coil and the body of interest.
One of the limitations when using surface probes for human imaging is their relatively small field of view. There are two approaches to increasing the field of view of a probe. One is to increase the area being imaged by switching amongst multiple coils, which are specially arranged to minimize their mutual inductances [9] . The second method, first demonstrated by Roemer [10] , is to simultaneously acquire the signals from mutually isolated receiver coils. The latter approach, "phased array" provides the enhanced SNR of small surface coils over a field-of-view normally associated with volume coils.
The limit of operation may be defined by not only SNR, but also by the time available for image acquisition for such techniques as functional brain imaging, real-time cardiac MRI, and pediatric MRI [11] . Until recently, further increase of the MRI acquisition speed was limited by the speed at which the field gradients could switch. However, the hardware speed has increased to the point where the main limitations are now physiological. Faster gradient switching used for imaging or/and applying more rf power per unit/time causes nerve stimulation and heating, respectively. To overcome such limitations, two new techniques, known as SMASH (SiMultaneous Acquisition of Spatial Harmonics) [12] and SENSE (SENSitivity Encoding) [13] , have been developed and successfully demonstrated in a number of applications. These two techniques and their variants provide faster imaging by using arrays of receiver coils in 1051-8223/03$17.00 © 2003 IEEE the same manner as Roemer [10] , but they also make use of the unique sensitivity profiles of elements of a receiver array in order to complement the spatial encoding generally accomplished through repeated application of phase encoding magnetic field gradients. Because these repetitions are generally the most time consuming portion of the acquisition process, any ability to reduce the number of phase encoded gradient applications translates directly into an accelerated image acquisition. In partial rf encoding using arrays, -space is undersampled in the original imaging sequence and spatial information from an rf coil array is used to synthesize the missing lines. The maximum expected time reduction factor is, in theory, equal to the number of array elements. However, the overall SNR from the array decreases with the number of elements. Decreasing the SNR limits the ability to distinguish the signals from each coil, preventing reliable decoding of the spatial information encoded by the small offsets between the coils. In this paper, we will show that by using a HTS coil, the SNR of such an array can be increased significantly.
II. COIL DESIGN
Properly designed rf receiver coils should be sensitive to rf magnetic fields and insensitive to rf electric fields. In order to fulfill these requirements, we have designed and fabricated a probe consisting of patterned, double-sided YBCO films deposited on 5cm LaAlO .
The 0.5 m thick YBCO films were deposited on both sides of each LaAlO substrate by the co-evaporation method [14] . These films were patterned into a split quasi ring shape (48-mm outer diameter, 32-mm inner diameter and 16-mm shorter opening dimension) using standard positive photoresist and wet etching processes. We have used the same mask for the 63.8 MHz coil in this work as for the 2 T coil [7] . However, in order to operate at lower frequencies, a thinner substrate was selected. The gaps in each quasi ring are rotated 180 degrees from each other. Pictures of the top and bottom side of the probe are shown in Fig. 1 (a) and (b). We are following the similar design used already in MRI for HTS and copper coils in [4] , [5] and [16] , [17] , respectively. Such resonant structures sometimes are called a twin-horse-shoe resonator (THSR) [15] .
The use of a double-sided structure introduced distributed capacitance in the coil design, minimizing stray electric fields that can lead to additional dielectric loss in the sample. Most of unwanted rf electric field is confined into low dielectric loss substrate.
Despite the simple coil form, the resonant frequency of the coil has a complicated dependence on the resonant circuit elements [15] . A parallel plate resonant circuit can be represented as two sections of coaxial cables were the outer and inner conductors are mutually connected either directly or through capacitors. Such a schematic is shown in Fig. 1(c) , where the two sections of coaxial cable and the capacitors C represent distributed capacitance and capacitance created by the two gaps, respectively. A, B and C, D show the points on left and right banks of the gaps of the two coils on opposite sides, and the corresponding four points are shown in Fig. 1(c) . We have used the Ansoft High Frequency Structure Simulator (HFSS) package to optimize the design [16] . Fig. 2 illustrates an example of a 63.8 MHz MRI probe characterized for resonant frequency. The upper circle represents a coupling loop. For the simulation the coil diameter was assumed to be 5 cm and the LaAlO substrate thickness and dielectric constant were selected as 0.375 mm and 24, respectively.
Measurements of the unloaded of an identical THSR normal metal probe at room temperature and 77 K yielded 's of 500 and 1200, respectively. The superconducting coil has an unloaded , at 77 K, of the order of 40 000. Both the superconducting and identical normal metal coil were cooled down to 77 K using a small liquid nitrogen plastic (G-10) cryostat [16] . A fine frequency tuning paddle and a matching circuitry coupled to a 50 coaxial line were integrated with the cryostat cover. The system is fully operational after 10-15 minutes of preparation. The HTS probe is inductively coupled to a copper wire loop, which is then connected to the scanner. The data presented here was obtained from the coil operating in the transmit-receive mode. Liquid nitrogen was isolated from the coil by a 5 mm sapphire window to prevent frequency modulation by boiling nitrogen. The coil separation from the bottom of the cryostat was around 7 mm.
III. SIGNAL TO NOISE RATIO
A. Single Coil Case
The noise in an MRI system is primarily thermal noise in the receiver coil and body, which is described by the Nyquist formula:
, where is Boltzman's constant, and represent the body and coil temperatures, respectively, is the bandwidth of the receiver. is the coil resistance, while is the resistance induced in the coil by the body conduction losses, which are usually proportional to due to the eddy current losses.
In Fig. 3 , a configuration used to calculate SNR is shown, where the square by ; rf coil faces a cylindrical phantom. The signal-to-noise ratio is an accepted standard for measurements quality in MRI. The rf coil, including tuning and matching circuits, can be described as a resonant RLC circuit. The SNR for a single surface coil can be expressed as follows: (1) Here is the gyromagnetic frequency used in MRI imaging, and is a factor defined as: (2) where is the transverse magnetization (a function of ), is the voxel volume.
is the transverse magnetic field (to static field ) produced by the surface coil with unit current, and due to a consequence of reciprocity, this quantity reflects the sensitivity of the coil to spins located at position . is the ratio of coil temperature to body temperature . The relationship between SNR, body size and frequency (which is determined by dc magnetic field strength) was calculated by using (1) for five different frequencies and is illustrated in Fig. 4 . The body size was parametrized for simulations by the phantom diameter and the ratio of the cylinder length to the diameter is kept constant and equal to 2. The body conductivity was assumed to be S/m. Calculations were carried out for low-field MRI frequency 0.2 (9.4 MHz) Tesla, for clinical MRI frequencies 1.5 (64 MHz) and 3.0 (128 MHz) Tesla, and for research MRI frequencies 4.7 Tesla (200 MHz) and 7.0 Tesla (300 MHz). The coil size, 5cm by 5cm, was kept the same for all calculations. The distances and (see Fig. 3 ) were assumed to be 5 mm and 8 mm, respectively. Simulations were made for both normal metal (copper) and HTS coils.
In order to estimate the SNR gain due to the use of a HTS coil or a cold normal metal coil, we can examine the fields produced by and the loss mechanisms of the two cases. The room temperature normal metal coil (at K) must have the same size and shape as the cooled coils, thus they produce the same due to unit current. Now we have a simple equation derived from (1):
From (3), we can see that as the conductor resistance of a superconducting coil is negligible, the gain is dependent only on the ratio of and , the coil and sample losses in the room temperature case. If the resistances are equal, the gain will be 42% (3 dB). We consider this as the lowest limit of the gain worth considering for using a superconductor. We also see that, in Fig. 5 , the lower frequency has a larger gain, while the higher frequency has a smaller gain.
To see this effect, a normal metal twin-horseshoe coil placed in the cryostat, thus 8 mm away from the phantom, was used to measure SNR at two temperatures: 295 K and 77 K. The results are shown in Fig. 6 , which represent the experimentally determined SNR map. Significant SNR improvement of the cooled coil over that of normal metal probes operating at room temperature was observed. Cooled metal probes were superior to room temperature equivalent probes, providing about 2 times the gain in SNR value (see Fig. 7 ). For the HTS coil, such a gain in SNR is close to 3 times. This was derived from a 2.0 Tesla measurement [7] , where two identical 5 cm coils, a normal metal coil and an HTS coil, were compared, both performing at 77 K. We have also done a comparison between a metal coil placed 8 mm and 2 mm away from the phantom, respectively. A 10% increase in SNR was observed for the coil placed closer to the body, indicating that for a fair comparison between the 77 K and 295 K metal coils, the SNR gain should be considered as 1.8.
This coil was used to acquire images of the wrist of a healthy female volunteer. Axial weighted 3-D spoiled gradient echo images were acquired, with a 12 cm FOV and 256 256 data matrix, with the coil at room temperature and at 77 K. Each of the 18 images covered a 3 mm slice thickness, resulting in a contiguous 3D dataset that covers all of the small bones of the wrist. Fig. 8 illustrates two of the resulting images, without any post-processing to correct for inhomogeneity.
B. Multi-Coil MRI System
As previously mentioned, phased arrays can be used to allow small coils to cover a large region of interest while preserving the improved SNR. Roemer et al. [10] complemented the work on arrays by elucidating optimal data combination methods. A set of weighting coefficients was derived, by which each pixel of each image is weighted in order to achieve an optimal combination. Weighting coefficients are defined as: where is column vectors reflecting the transverse sensitivities of the array elements at a given pixel location. is the noise resistance matrix, defined here to include body losses only:
To include coil noise, we have added the conductor loss terms to the diagonal terms of ; it is denoted as , where means that coil noise has been considered. The SNR for the combined magnitude images method is estimated as follows: (6) Here and have the same meaning as in the single coil case.
is the magnitude of the transverse field at a particular point (voxel) for unit current in coil , and is the angle of the magnetic field vector relative to a fixed direction.
To see the effect of substituting a superconducting coil with a metal one in a multi-coil case, we have considered a set of four coils facing a cylindrical phantom (diameter mm, length mm, with body conductivity S/m.) 5mm away from its surface. Fig. 9(a) shows such a configuration.
The SNR was calculated for both HTS and normal metal arrays of four by coils. The result is shown in Fig. 10 . For comparison, results of SNR for an single coil that replaced the 4-coil array are also shown in Fig. 10 .
A crossection of the SNR distributions, 12 mm from the surface of the phantom cylinder, are displayed in Fig. 10 , and a crossection perpendicular to the coil at the center are shown in Fig. 11 . The peaks seen in the SNR surface plots near the coils are due to the higher sensitivity caused by the close proximity of the coil's wires.
From the simulations, we get about a 70% gain ( dB) in SNR near the surface adjacent to the array by substituting superconducting phase array coils, while we only achieve a 16% gain ( dB) from the single coil. According to [13] the SNR in SENSE is estimated as follows: (7) Here is the acceleration factor by which the acquisition time is reduced with respect to full Fourier encoding. The here represents the voxel location. is called the geometry factor of the coil array, which describes the aliasing of the noise amplification inherent in the matrix inversion solution to the system of equations which determines the reconstruction. This strongly depends on the sensitivity distribution of the array and the geometrical configuration of the image prescription.
The following formula can be used to estimate the SNR gain when superconducting coils are used instead of normal metal probes: (9) Here the superscripts and (or ) refer to the superconducting and normal metal cases, respectively. The gain is composed of two factors: the first term is the same as the phased array case discussed above; the parenthesized term is the ratio of the geometry factors. The 4-coil array and the phantom simulations mentioned in the previous section were used to estimate the SNR gain expected from the use of HTS receiving probes during a SENSE acquisition with an acceleration factor of 2. Fig. 12 summarizes the main results of this simulation. The two lower curves are the inverse of the factor, which describe the SNR reduction expected from the accelerated acquisition. The two factors have very little difference, since their geometries are the same; therefore the center curve plots which illustrate the ratio of these two factor: . The upper curve is calculated from (9), and gives the absolute gain within SENSE. It shows that there is a 60% (4 dB) gain, which is quite uniform in the FOV. In this circumstance, we may say when using SENSE that to speed up the MRI image, the unavoidable loss of SNR by a factor of can be compensated by using superconducting coils.
IV. DISCUSSION AND CONCLUSIONS
In recent years, the design of phased arrays for parallel acquisition in MRI application has become the subject of a great deal of research. The drive for faster and faster acquisition rates calls for arrays with a larger number of receiving elements. As the number of array elements increases and their size continues to decrease, conductive losses become more dominant. These losses can overwhelm any SNR gains expected from the use of smaller coils that express less body noise. At room temperature, it has been shown that the noise due to these increasing conductor losses can actually result in a lower SNR at a given depth, during phased array acquisition [18] .
The use of cryogenically cooled copper/HTS coils can extend the depth at which SNR gains can be achieved through phased array acquisition. The potential SNR gain using large arrays increases with the number of elements: SNR gain went up significantly when the single coil was replaced with four coils , and it would increase more for or . Thus, the potential advantage of cryogenically cooled receive arrays with a large number of elements becomes even greater. These SNR gains can be used alongside parallel imaging to achieve higher accelerations while preserving maximum available image SNR.
